Abstract: Towards developing precise microsurgery tools for the clinic, we previously developed image-guided miniaturized devices using low repetition rate amplified ultrafast lasers for surgery. To improve the speed of tissue removal while reducing device diameter, here we present a new 5-mm diameter device that delivers high-repetition rate laser pulses for high speed ultrafast laser microsurgery. The device consists of an air-core photonic bandgap fiber (PBF) for the delivery of high energy pulses, a piezoelectric tube actuator for fiber scanning, and two aspheric lenses for focusing the light. Its inline optical architecture provides easy alignment and substantial size reduction to 5 mm diameter as compared to our previous MEMS-scanning devices while realizing improved intensity squared (two-photon) lateral and axial resolutions of 1.16 μm and 11.46 μm, respectively. Our study also sheds light on the maximum pulse energies that can be delivered through the air-core PBF and identifies cladding damage at the input facet of the fiber as the limiting factor. We have achieved a maximum energy delivery larger than 700 nJ at 92% coupling efficiency. An in depth analysis reveals how this value is greatly affected by possible slight misalignments of the beam during coupling and the measured small beam pointing fluctuations. In the absence of these imperfections, self-phase modulation becomes the limiting factor for the maximum energy delivery, setting the theoretical upper bound to near 2 μJ for a 1-m long, 7-μm, air-core PBF. Finally, the use of a 300 kHz repetition rate fiber laser enabled rapid ablation of 150 µm x 150 µm area within only 50 ms. Such ablation speeds can now allow the surgeons to translate the surgery device as fast as ~4 mm/s to continuously remove a thin layer of a 150 µm wide tissue. Thanks to a high optical transmission efficiency of the in-line optical architecture of the device and improved resolution, we could successfully perform ablation of scarred cheek pouch tissue, drilling through a thin slice. With further development, this device can serve as a precise and high speed ultrafast laser scalpel in the clinic. 
Introduction
Ablation with ultrafast lasers can provide an unmatched microsurgical precision [1, 2] . However its clinical adoption has been mainly achieved for ophthalmic applications due to the lack of a means to flexibly deliver the laser light to clinical sites in or on the patient [3] [4] [5] [6] . To overcome this main technological barrier, we focused our efforts, thus far, on the development of miniaturized fiber probes capable of femtosecond laser microsurgery combined with nonlinear optical imaging. The ability to deliver ultrashort laser pulses with micro-Joule levels of energy through an air-core photonic bandgap fiber (PBF), enabled us to perform precise ablation of individual cancer cells guided with nonlinear imaging using miniaturized probes [7, 8] . By incorporating a scanning mechanism based on microelectromechanical system (MEMS) mirrors, we could also perform a high resolution imaging of tissue intrinsic signals [8] . While, the use of a high repetition rate, 80 MHz, femtosecond laser oscillator was sufficient for imaging, surgery required the use of higher energy pulses from a low repetition rate, 1 kHz, amplified system. However, surgery speeds with such low repetition rate lasers is too slow for clinically relevant procedures and the need for two separate lasers makes the whole system bulky, costly, and complicated.
For clinical use, compact and robust laser systems are desired with high pulse energies and repetition rates to enable image-guided and high speed surgery. Ultrafast fiber lasers offer both high pulse energies and high repetition rates within a compact housing [9, 10] . These features make them ideal for high speed surgery, simultaneously providing imaging capabilities within a single laser unit as demonstrated in our recent benchtop studies [11, 12] . Together with the ability of hollow-core photonic crystal fibers to deliver more than hundreds of micro-Joules of pulse energies [13, 14] , it is now feasible to build flexible and potentially hand-held laser scalpels suited for clinical use.
Clinical compatibility also requires further miniaturization of laser scalpel to reach small regions within the body. Relatively large size of packaging and die pieces that accompany MEMS scanners limit further miniaturization of our previously developed MEMS based probes to diameters below 7 -8 mm. Alternatively, the compact geometry of piezo-scanning based probes has already been exploited in endoscopy for various optical imaging modalities, such as confocal imaging [15] , optical coherence tomography [16] , and multi-photon imaging [17, 18] to gain access to sites that are otherwise challenging to reach. Additionally, piezoscanning would enable high optical transmission efficiencies not achievable in MEMS devices with silica based reflective surfaces, which is crucial for high pulse energies during surgery.
To perform high-speed surgery within confined spaces, we have, therefore, designed, developed, and rigorously characterized a new scalpel delivering high-repetition rate laser pulses from an erbium-doped fiber laser (1.5 ps, 300 kHz, 776 nm Discovery, Raydiance Inc.). By incorporating the piezo-scanning mechanism into an in-line optical architecture, we nearly halved the size of the device diameter compared to our previous MEMS based device, reducing its outer diameter to 5 mm. A high optical transmission efficiency further ensured delivery of the high energy pulses with low loss. This paper presents the optical design of this piezo-scanning fiber device, the characterization of its performance, and the high speed microsurgery of a scarred tissue sample. The device acts as a variable-width laser scalpel, with which a surgeon can precisely cut around tumor margins with precision. The scan-width can be altered anywhere from providing narrow cuts (3 -5 μm in width) to wide cuts (up to 220 μm) for rapidly removing lesions on delicate tissue such as vocal fold ligaments. The paper also presents an in-depth analysis of ultrashort pulse delivery through the air-core PBF and discussion of the associated limitations in delivering maximum pulse energies.
Results

Device design and characterization
The selection of critical components for the new 5-mm scalpel involved the consideration of several factors with particular focus on: 1) reducing the device diameter below 5 mm, which is crucial to many clinical applications, 2) using optical components with low spherical aberration and high transmission at low-cost, 3) designing the optical system for a neardiffraction limited spot size through the entire field of view (FOV) while minimizing radius of curvature, 4) tight focusing to deliver high laser fluences for tissue ablation, 5) scanning a FOV of approximately 200 μm × 200 μm, and 6) performing microsurgery at high-speeds.
To maintain the housing diameter below 5 mm, we limited the maximum size of the optical components to 3 mm which meant moving away from the reflective beam steering MEMS scanning mechanisms from our earlier work. In this device, we chose an in-line optical architecture where beam steering is performed by the resonant vibration of a laser delivery fiber via a piezoelectric device. The in-line configuration also increased the transmission efficiency of the device by eliminating the poorly reflecting bare silicon surfaces of our previous MEMS scanning mirrors. Though reflectivity can be enhanced with metal deposition onto the mirror surface, the use of fiber scanning mechanisms instead of a scanning mirror offers the highest efficiency in laser energy delivery in addition to enabling the smallest probe dimensions. For our optical components, we chose off-the-shelf glass molded aspheric lenses. With no spherical aberration and high optical transmission at our operating wavelengths, these lenses provided the high optical performance we were looking for at low cost.
The size of the FOV depends on the available scanning range of the fiber tip and the overall magnification of the optical system. In turn, the extended fiber length determines the extent of tip deflection and the resonant frequency of the setup. We estimated a maximum fiber tip scan range of ± 250 μm for a 10-mm extended fiber length, ensuring the tip deflection could safely be accomplished using low voltages with minimal hysteresis. The fiber resonance frequency for the chosen 10-mm extended length was calculated to be at ~1 kHz, offering ablation speeds up to near 4 mm/s translational velocity for a 150 μm wide cut, as will be shown in the results. In a clinical setting, such speeds provide the ability for the surgeon to rapidly move the scalpel in one of the lateral directions without leaving unablated regions on the tissue.
The overall design of the scalpel is illustrated in Fig. 1 with the measured lateral and axial resolutions of the system. It consists of (1) a 7-μm, air-core PBF with mode field diameter (MDF) of 6 μm (NKT Photonics HC-800-02), (2) a piezoelectric tube actuator having a 3 mm outer diameter (Boston Piezo-Optics, PZT-5H) for fiber scanning, (3) an aspheric lens with 0.3 NA, 3.5 mm working distance, 3 mm outer diameter, and 2.8 mm clear aperture (Lightpath 354996 designed for 634 nm wavelength) for collimation of fiber output, and (4) an aspheric lens with 0.5 NA, 2 mm focal length, 3 mm outer diameter, and 2 mm clear aperture (Lightpath 352150 designed for 780 nm wavelength) for focusing on the tissue. To accommodate the tip deflection, we specifically investigated lenses having 3 mm diameter to match the diameter of our piezo tube, while providing largest clear aperture possible without increasing the device diameter further than that imposed by the piezo actuator. The housing wall thickness was designed to be ~1 mm to satisfy our overall diameter target of 5 mm, meanwhile providing a sturdy framework for the miniaturized components.
To select the optical components and estimate the expected device performance, we modeled the surgery beam pathway using ZEMAX optical design software. Figure 1(a) shows simulated rays, launched from the fiber tip at two different locations: blue line represents ray on the optical axis, red represents a ray at the edge of the clear aperture namely at the edge of the full scan range. Their centerline rays intersect with the optical axis at 1/3 of the fiber length away from the fiber fixation point, in other words 2/3 of the fiber length away from the fiber tip, as dictated by cantilever bending formulation [19] . The beam divergence at the fiber tip, represented by two outer rays, is considered to be at the measured fiber NA of 0.17 ( Fig.  2(a) ).
Simulations showed that a collimation lens with 0.3 NA and over 2 mm clear aperture (Lightpath 354996) could accommodate a fiber tip deflection up to ± 250 μm without vignetting. Among the available high NA lenses, we chose a 0.5 NA lens (Lightpath 352150) as the focusing lens that could provide tight focusing over a square FOV of 220 μm x 220 μm for the maximum fiber tip deflection. Alternatively, we could choose a lens with a higher NA to achieve smaller spot size while compromising on the FOV and the working distance. Considering the curvature models of the lenses provided by the manufacturer, the ZEMAX simulation estimated the 1/e 2 focused spot size to be 2.11 μm ( Fig. 1(b) ) at the optical axis with a Strehl ratio of 0.99. The aspheric lenses preserved the spot size during the scan, resulting in a Strehl ratio larger than 0.85 over the entire FOV. The radius of curvature of the FOV was 1.1 mm, mainly due to the fiber tip motion. This curvature corresponded to a ± 4 μm axial variation in the focal plane throughout the FOV from a planar surface. Furthermore, tolerance analysis on lenses and the fiber revealed that the resolution remained constant up to a 200 μm decenter and 2° tilt.
The housing was 40 mm long to hold all optical components in an in-line fashion. Its 5-mm outer diameter represents a near 50% reduction over our most recent MEMS-based endoscope with a 9.6 mm diameter [8] . The housing was 3-D printed via stereolithography technique, using DSM-Somos epoxy resin that mimics engineered plastics. With superior chemical resistance and broad heat and humidity tolerances, this material is a reliable and robust prototyping material for medical devices. The housing consisted of three grooves in which the rear side of the piezo tube and both lenses were press-fitted. Press-fitting allowed for simple assembly of the scalpel. However the lack of positioning control limited the ability to adjust component alignment that could partially be mitigated by testing a few housing iterations with different dimensions.
To fit the PBF inside the piezo tube actuator, we used a 23 gauge steel tubing to hold the PBF. Steel tubing was then inserted inside a polyethylene tubing with matching diameter to the piezo tube. After cleaving the fiber, we adjusted the extended length to approximately 11 mm and glued it to the steel tubing. Three electrical wires were soldiered to + x/+y electrodes and ground terminals of the piezo tube for single sided actuation. Both piezo channels were connected to a signal generator through voltage amplifiers. We placed the objective, after adjusting the distance between the piezo tube and the collimation lens using a micromanipulator to ensure collimation.
After assembling all micro-optical components and the piezo actuator tube within the housing, we coupled the laser beam into a ~1 meter long PBF using an underfilled 0.25 NA objective and a 5-axes stage (Newport, 561 series). The overall optical transmission of the system was 59% as a result of losses at fiber coupling and slight misalignment of optical components within the device that partially clipped the beam.
To characterize the resolution of the scalpel, we placed an external objective across the device and monitored the laser transmission using a photodetector while moving the United States Air Force (USAF) resolution chart across the focus. The resolution was deduced by focusing the beam from the device on to the USAF chart profile with a 2.2 μm line width, and by deconvolving the experimental data. The deconvolution was performed in the Fourier domain by dividing the Fourier transform of the acquired experimental data to that of the USAF chart profile. Rectangular windowing was performed in the frequency domain to suppress frequencies with high noise which led to small ringing artifact. We verified our resolution calculation by convolving an ideal Gaussian beam having equal width with that found from the deconvolution method and the USAF chart profile, which agreed well with the experimental data. These measurements matched well with knife-edge measurements within 2% difference.
At focus, the FWHM resolution was measured to be 1.64 ± 0.05 µm and 16.21 ± 0.05 µm in lateral and axial directions, respectively ( Fig. 1(b) ). The deduced resolutions reflect the mean and standard deviation for five different measurements. These resolutions correspond to intensity squared (two-photon) FWHM lateral and axial resolutions of 1.16 ± 0.04 µm and 11.46 ± 0.04 µm, respectively, showing a 10% improvement over our previous probe in both axes [8] . The resulting lateral 1/e 2 intensity width was 2.8 ± 0.09 µm, which is essential in estimating the average laser fluence at the focal plane and defining fluence thresholds for ablation. The measured lateral and axial resolutions were 30% and 60% higher than their corresponding ZEMAX results. As expected, the axial resolution showed a higher difference between measured and simulated values due to its quadratic dependence on NA, as opposed to a linear dependence on NA for the lateral resolution. Despite having slightly poorer axial resolution than expected, ray simulations revealed that the collimating and focusing lens formed a powerful pair that could accommodate a FOV up to 220 μm x 220 μm without vignetting while maintaining near diffraction limited lateral resolution at all fiber scan angles.
Study of maximum pulse energy delivery through the air-core photonic bandgap fiber
The maximum energy that can be delivered using a single-mode, air-core PBF in our experimental conditions is expected to be limited by the ablation damage induced on the cladding by the tail of the propagating beam. This damage is likely to occur at the input face because of two general factors: 1) input energies are always higher than the output energies due to coupling efficiencies that are lower than 100% and/or transmission losses through the fiber and 2) even slight misalignments during coupling can cause the Gaussian beam to shift off the center slightly both laterally and axially and cause damage on the cladding at lower energies than the perfectly centered beams.
To increase the pulse energy that can be coupled into an air-core PBF, pre-chirping can be used to increase the pulse duration at the coupling while fiber dispersion can compress the pulse duration back to its original value at the fiber exit. Since the damage threshold of silica depends on the pulse duration and longer pulses cause damage at higher laser fluences, one can deliver higher pulse energies into the fiber by pre-chirping them to longer pulses. We previously observed an increase of more than 3 times in delivered energy by pre-chirping a 10 nm bandwidth, 120 fs laser pulse into a 3.8 ps pulse [7] . The pulse could then be chirped back to near its original value as it propagated inside the fiber, experiencing negative dispersion. The limiting factor for maximum deliverable energies in this case was observed to be the damage at the input face of the 6 μm core size fiber. If a higher pre-chirping with a longer fiber was used or better coupling efficiencies could have been achieved, we could potentially deliver even higher pulse energies through the fiber. In that case, the ablation of the cladding could move somewhere along the fiber as the pulse compresses to shorter durations and increases its intensity. In the current study, however, the narrow bandwidth fiber-laser (3 nm) and the low dispersion of the fiber at the central laser wavelength, limited our pre-chirping capability.
There are other nonlinear mechanisms that can result in damaging the cladding and limit the maximum pulse energies deliverable through the PBFs. The high peak intensity of ultrafast laser pulses at the fiber core can induce a refractive index change in air due to the optical Kerr effect, arising from the third order nonlinear polarization. Varying index of refraction results in the phase modulation of the beam both temporally as well as spatially. The temporal phase modulation results in self-phase modulation (SPM) that broadens the spectra in PBFs and shortens the pulse as it propagates along the fiber. Reducing the pulse duration below its original value, SPM can cause the ablation of the cladding to occur along the fiber, as the damage threshold fluence of silica reduces due to reduced pulse widths. The spatial modulation of the index of refraction, on the other hand, may result in catastrophic self-focusing in the air-core of the fibers leading to air-breakdown. Both SPM and selffocusing can be mitigated by replacing the air in the fiber core with gases having smaller nonlinear refractive indices [14] . The air-breakdown threshold of ~10 14 W/cm 2 [20] corresponds to more than 50 μJ pulse energy for all of the focusing conditions used in our experiments. In our setup, air breakdown is unlikely to be experienced because the maximum pulse energies that can ideally be delivered through the 7-μm, air-core PBF is at least an order of magnitude smaller than this threshold. Therefore, we only considered the effect of SPM in our experiments.
To understand the maximum energy levels that could be delivered through the air-core PBF used in our miniaturized device, we therefore performed an in-depth study of the limiting parameters. Having eliminated the possibility of air breakdown in our experimental conditions, we focused on parameters effecting cladding damage and SPM. The cladding damage occurs when the fluence at the tail of the coupled beam right at the location of the cladding reaches the silica damage threshold. The laser fluence at the input facet cladding depends on the input pulse energy and the spot size and thus on the NA of the coupling lens, the diameter of the fiber core, as well as the profile of the focused beam. Moreover, system imperfections such as the pointing beam fluctuations and possible radial and axial misalignments during coupling can shift the focused beam and increase the laser fluence on the cladding at the fiber input face.
To study the NA effect on the maximum deliverable pulse energies, we tested three different coupling NA's of 0.18, 0.20, and 0.25 by over and under filling the back aperture of a 0.25 NA coupling lens (Fig. 2(a) ). Different beam sizes at the back aperture was achieved by moving the coupling lens along the laser beam path. The measured spot sizes at the focal plane of the coupling lens were 6.2 ± 0.4 μm, 5.5 ± 0.2 μm, and 4.4 ± 0.4 μm, respectively (Fig. 2(b) ). For each NA, we measured the maximum energy that could be delivered before a damage occurred at fiber input (Figs. 2(d) and 2(e) ), as we did not observe any damage at the fiber output. During experiments, we defined fiber damage when the coupling efficiency dropped down by 20% of its maximum value. We successfully coupled maximum energies of 600 nJ, 765 nJ, and 850 nJ into the fiber with the corresponding output energies of 505 nJ, 705 nJ, and 660 nJ for NA`s of 0.18, 0.20, and 0.25, respectively. These data points represent the average of three measurements performed at each NA with error bars representing the corresponding standard deviation. The highest coupling efficiency of more than 92% was observed for NA = 0.20, where the focused spot size of 5.5 μm best matched the fiber MFD Fig. 2 . Effect of coupling NA, coupling misalignments, and beam pointing instabilities on delivered energy through the 7-μm, air-core PBF. a) Simplified schematic of ultrashort pulse delivery through the PBF with various focusing conditions and measured near-field and farfield profiles at fiber output. b) Beam profiles at the focal point of the coupling lens as measured using the knife-edge test for different NA`s. c) Schematics illustrating the parameters for radial and axial coupling misalignments introduced in Eq. (1). d) Measured maximum input energies successfully coupled into the fiber for different coupling NA's and estimated maximum values assuming various misalignments during coupling. Error bars represent the standard deviation of three measurements performed at each NA. e) Measured output energies for each coupling NA with the coupling efficiencies above each data point as calculated based on the ratio of observed output energy to the input energy after coupling lens. of 6 μm, as expected, delivering > 700 nJ laser energy at the fiber output. Coupling the laser at a higher NA enabled a higher input energy as the smaller laser spot size decreased the laser fluence interacting with the cladding. However, increasing the NA beyond the fiber`s NA resulted in a mismatch of not only NA but also MFD that reduced coupling efficiency and thus reduced delivered energies at the output as evident in Fig. 2(e) .
To better analyze the measured fiber delivery parameters, we estimated the maximum achievable energy at the input facet assuming various imperfections during coupling did not exist. We specifically considered three possible system imperfections, the radial and axial misalignments of the coupled beam and pointing beam fluctuations inherent to the fiber laser. Radial misalignment and beam fluctuations would shift the focused beam location radially with respect to the optical axis of the fiber and axial misalignment will result in a larger beam size on the fiber input (Fig. 2(c) ). As a result the laser fluence on the cladding will be increased for the same input energy. We therefore calculated the maximum pulse energies that could be delivered in the absence of each of these misalignments (Figs. 2(d) and 2(e) ).
First, we measured pointing beam fluctuations of the laser by focusing it with a long focal length lens (f = 1 m) onto a high speed camera (VisionTech Phantom V series). By analyzing the beam profiles of 300,000 pulses (1 sec duration) that were collected every 10 minutes, we could measure how the centroid of each individual pulse moved over time. We found the centroid of each spot by first locating the maximum intensity in each image and then fitting a Gaussian curve for both x and y axis. We found that the centroid of the laser beam drifted in one direction continuously for the first 3 hours of operation. Once the drift ended, the centroid fluctuated in an elliptical shape, shifting ± 24 μm along the long axis. The corresponding lateral shift of the beam at the focus of the 0.25 NA coupling lens with a 16.5 mm focal length was ± 0.4 μm.
We then calculated the threshold fluence at the tail of the beam on the cladding region (at f r r = ) for each coupling NA in the presence of estimated system imperfections. Assuming an ideal Gaussian beam distribution, the radial distribution of laser fluence is: 
where th F is the damage threshold of the silica fiber cladding, E is the observed maximum input energy at the fiber input face, 0 w is the measured radius of the beam waist for each NA (Fig. 2(b) ), r is the radial distance, f r is the fiber core radius as measured to be 3.5 μm from SEM images in accordance with fiber specifications, δr is the total radial shift due to radial misalignments and beam fluctuations, and δz is the increase in spot size due to axial misalignments ( Fig. 2(c) ). In our system, the lateral misalignment was assumed to be due to the sensitivity of the fine adjustment knobs of the fiber alignment stage (0.5 μm) and the measured beam pointing fluctuations (0.4 μm). The resulting δr became 0.9 μm. As for the axial misalignment of the beam, we assumed ± 10 μm axial misalignment corresponding to half of the Rayleigh range of the coupling lens at 0.25 NA. The axial misalignment resulted in an increased beam size away from the beam waist in accordance with Gaussian beam formulation [21] . Taking these three imperfections into account, the damage thresholds were calculated to be similar for each NA as expected: 0.99 ± 0.03, 1.15 ± 0.05, and 0.97 ± 0.1 J/cm 2 for NAs of 0.18, 0.20, and 0.25, respectively. These calculated damage thresholds are indeed close to that of silica, which happens to be in the range of 1.5 -2 J/cm 2 [22] . We attributed the difference in our observed damage threshold as opposed to the bulk silica damage threshold to a combination of various effects, such as the incubation effect [23], possibly larger radial and axial misalignments during coupling than the presumed values, surface roughness [24] of the input facet of the fiber that may result in hot spots, as well as deviations of our beam profile from an ideal Gaussian beam.
With the calculated damage thresholds, we then projected the laser energy that could be coupled into the fiber by excluding one system imperfection at a time based on Eq. (1). Radial misalignments during coupling and the pointing beam instabilities were identified as the most crucial factors potentially reducing the amount of the maximum deliverable pulse energies significantly, before a damage in the fiber could occur. As illustrated in Fig. 2(d) , in the absence of radial misalignment (lateral shift) alone, for example, we would have been able to couple about 2 μJ energy into the fiber.
To test the severity of SPM in our setup, we performed a set of experiments where we measured pulse width and spectral range for various input energies throughout a 20 cm fiber. For pulse energies in the 500 nJ range, the pulse duration decreased from 1.5 ps to 1.41 ps. Based on our measurements at various energy levels, we deduced the nonlinear index of refraction of air (n 2 ) to be 2.7 × 10 23 m 2 /W using the formulation of change in spectral bandwidth with respect to pulse energy due to SPM [25] . Our findings were in close agreement with the measurements by Ouzounov et al., where they found n 2 = 3 × 10 23 m 2 /W [26]. Using the measured nonlinear refractive index, a pulse width of 0.93 ps is estimated for the 1-m long fiber used in the scalpel. Although such shortening of pulse width would result in slight decrease of damage threshold, the beam instability and misalignment effects, highlighted earlier, were highly critical and dominant over the SPM in limiting the amount of delivered pulse energies through the 7-μm, air-core PBF. Therefore, we expected the damage of the fiber cladding to occur at the input facet, as opposed to a damage along the fiber due to shortening of pulse width.
The theoretical upper bound for the coupled energy was calculated to be 3.3 μJ by neglecting all three imperfections simultaneously at the optimal NA. According to the coupling efficiency of 92.5%, a maximum energy of 3.05 μJ could be delivered at fiber output. Although the input facet can withstand higher energies with a higher NA due to reduced spot size and thus lowered fluence at the cladding, the tightly focused spot will quickly match the fiber MFD as it couples, which will actually limit the coupled energy. We may therefore argue that the maximum energy calculated for optimal NA that matches MFD under perfect conditions serves as an upper bound for input energy, namely, slightly above 3 μJ deliverable energy given that the pulse duration of 1.5 ps is preserved. However, the theoretical maximum input energy of 3.3 μJ would create significant SPM, reducing the pulse width to 300 fs at the end of 1-m fiber. In this case, SPM would become dominant in damaging the fiber cladding over the damage caused due to the beam instability and misalignment effects. Considering 1.5 times lowered damage threshold at 300 fs as compared to 1.5 ps, the fiber will actually get damaged at near 2.2 μJ as opposed to 3.3 μJ input energy. SPM would therefore set the ultimate limit on the deliverable energy through the fiber to approximately 2 μJ.
High speed ablation by resonant scanning
The ablation speed of our scalpel depends on fiber actuation dynamics and the repetition rate of the laser. To characterize the fiber actuation dynamics, we measured the resonance frequency of each axis and the resultant FOV for different applied peak voltages. The resonance frequency of the fiber depends on material properties of the fiber (Young`s modulus and density) and its geometry (radius and extended length) [19] . By sweeping the frequency of the sinusoidal driving voltage while imaging the fiber tip deflection using a CCD camera, we measured the resonance frequencies to be 895 Hz and 904 Hz for the x and y axes, respectively. These frequencies were in close agreement with the theoretical value of 900 Hz that would be expected for the measured extended fiber length of 11 mm. Minor cross coupling between the axes were observed due to the close values of x and y resonance frequencies and also due to the off-centered position of the fiber with respect to the central axis of the piezo tube. Driving one axis at resonance resulted in the actuation of the orthogonal axis by an amount that was roughly seven times smaller in amplitude.
To characterize the size of the FOV, we imaged the scanned area at the focal volume onto a CCD camera for various peak voltages applied to both axes simultaneously at their resonance frequencies. A peak voltage of 20 volts, for example, created a scan area of 150 μm × 150 μm. This low voltage not only provides safe use of such laser scalpel within human body, but also enables the use of simple operational amplifiers that can reduce cost and complexity of the driving electronics. Through driving all four electrodes, where -x and -y electrodes are phase reversed as opposed to + x and + y electrodes, the FOV can further be enlarged [27] .
The successful implementation of ultrashort laser microsurgery in a clinic setting requires two essential parameters to be realized: 1) fast ablation speeds, so that the surgeon can move the FOV at clinically convenient speeds while achieving a continuous ablation and 2) a uniform ablation pattern that requires an equal number of overlapping pulses per spot over the entire FOV. To measure the speed and observe the pattern of ablation, we deposited a thin layer of gold on a cover glass and placed it at the focal plane of the device. Since the ablation threshold of gold is lower than that of the glass, we could tune the pulse energy to ablate only Fig. 3 . Ablation patterns at various laser exposure durations. a) Optical microscopy images of ablated gold film on glass slide for durations of 100 ms, 50 ms, and 25 ms. b) Simulated Lissajous patterns for all three durations within the experimental FOV of 150 μm × 150 μm, where pixels sampled at least once were marked in green and unsampled pixels were marked in orange. c) Simulation results indicating the number of overlapping pulses at each pixel. Scale bar is 50 μm.
the gold film. This method enabled us to observe the direct signature of the ablation pattern and the size of the FOV for different laser exposure times. Figure 3 (a) presents optical images of the ablation pattern created on a 30 nm thick gold film on a glass sample for 100, 50, and 25 ms exposure times. We used pulse energies of 10 nJ, corresponding to an average fluence of 0.16 J/cm 2 . This fluence level was expected to be sufficient to remove the thin gold layer with a single pulse. To estimate the ablation pattern, we simulated the expected Lissajous pattern within a 150 μm × 150 μm FOV, by taking into account fiber actuation resonance frequencies and pulse repetition rate. We considered the measured 1/e 2 spot size of 2.8 µm as the pixel size. Figure 3(b) shows the simulated binary ablation patterns, where each pixel that is sampled (ablated) at least once is indicated in green. Figure 3 (c) reveals how many times each pixel is sampled within the FOV. The results indicated that 100%, 99%, and 79% of the pixels could be sampled for 100, 50, and 25 ms ablation durations, respectively. The pattern created over 50 ms demonstrated the most uniform number of overlapping pulses per spot over the FOV except at the corners. The sinusoidal nature of the Lissajous scan increased dwell times at the corners. All three simulated patterns qualitatively matched well the experimental observations. The period of the stable Lissajous pattern, which is the largest common divisor of both frequencies, was 1 Hz. Despite slow frame rate for obtaining a repeating Lissajous pattern, nearly 100% of the ablation spots could be sampled at least once within only 50 ms when operating with a 300 kHz repetition rate laser. The corresponding frame rate of 20 Hz indicates the potential for high-speed ablation with a fast updating and non-repeating Lissajous pattern scanning opportunity [28] . Even with 25 ms ablation duration, only a small non-ablated area in the middle remained, showing a significant speed advantage for microsurgery. In this case also, the number of overlapping pulses were nearly uniform over the FOV with one or more pulses overlapping in more than 80% of the FOV. To test the capability of our scalpel to ablate tissue, we performed microsurgery on the surface of fixed tissue slices of a scarred hamster cheek pouch sample. The cheek pouch tissues were prepared at Massachusetts General Hospital Voice Laboratory in Boston by Dr. James Kobler and shipped on dry ice to our laboratory. After delivery, the cheek pouches were stored at −80 °C. The details of this sample preparation are given in our previous publication [11] . The tissue was fixed by embedding into optimal cutting temperature compound, which provides a convenient specimen matrix for cryostat sectioning at temperatures below −10 °C. Fixation of the tissue allowed sectioning of the frozen tissue on a cryotome, which provided 70 μm thick tissue slices. For ablation experiments we have selected the slices below the epithelium where tissue collagen structure can be imaged using nonlinear imaging. Using 200 nJ pulse energies (average fluence of 3.2 J/cm 2 ), we were able to drill through a 70 μm thick slice within 10 seconds by moving the stage in the axial direction. Although fixed tissue was at room temperature during the experiment as opposed to body temperature that would be observed in a clinical setting, the difference in ablation thresholds between the two temperatures is negligible based on previous studies [29] . Prior to ablation, the surface was located by imaging the focused spot using a CCD camera. Once the surface was determined, we initiated the piezo-scanning with a targeted FOV of 150 μm × 150 μm and manually translated the device towards the tissue to accomplish the drill. The ablation was performed with the energy level (350 nJ at fiber input) that is less than half the energy that would damage the fiber at the coupling NA of 0.2. The coupling efficiency values measured before and after the ablation matched, indicating that there was no damage on the cladding. Figure 4 illustrates second harmonic generation (SHG) images of the ablated tissue. We acquired these images using a benchtop nonlinear microscope following the ablation with the scalpel. The SHG signal originated at the collagen fibers and the loss of this signal indicated the ablated areas. The images clearly showed that we have successfully drilled through the thin slice of tissue by moving the scalpel's axial stage back and forth. The backlash of the manual stage and the slight oblique angle between the tissue and the optical axis, caused the ablated area to come out to be slightly different than what was targeted.
Discussion
In a surgical procedure, cutting speed varies greatly depending on the type of procedure, tissue, and the tool that is used for cutting. In general, applications that demand fast removal of non-fragile tissue such as bulk tumors, bones etc., benefit from high power lasers and mechanical removal tools. For instance, a high power CO 2 laser can ablate at great removal rates (>40 mm/s) [30] in the expense of significant collateral damage and a risk for carbonization. Mechanical cutting of tissue may also be performed at high speeds (~25 mm/s) [31] , yet producing shear forces that results in a large border damage [32] .
We estimated the tissue removal speed of our device through simulating a 2-D Lissajous pattern, with an additional linear translation term on one of the orthogonal directions in the lateral plane to model a tissue cut while translating the device at a constant speed (Fig. 5) . We swept a number of velocity values till we achieved 100%, 90%, and 80% coverage within the ablated area. A translational speed of 2 mm/s allows the entire area to be ablated, where 100% of the pixels are sampled at least once. As we increased the translational speed to 3 mm/s and 3.7 mm/s, the percentage of pixels that are sampled at least once dropped down, as expected, to 90% and 80%, respectively. Such cutting speeds could still be adequate to tear the tissue. The ablation width of 150 μm matches the cut sizes achievable with mechanical scalpels and conventional CO 2 medical lasers having > 400 μm damage zone but with superior precisions in terms of the extent of the unwanted damage in the surrounding tissue [32]. Challenges in bringing an ultrafast laser ablation device to clinic lie in the ability to improve the laser energy that can be delivered to the tissue while conserving the alignment of the laser to the fiber during the operation. Throughout this study, we used an off-the shelf, low-cost PBF fiber with relatively high NA, which could be converted into a large focusing NA at the tissue using a simple 2-lens optical design. Recent studies demonstrate transmission of high laser energies through novel large air-core Kagome fibers having low NA [13] . With further development, we aim to incorporate large air-core Kagome fibers to increase the amount of delivered energy for sub-epithelial ablation while utilizing smart optical designs to relay the low fiber NA to a high NA for focusing. However, when delivering higher pulse energies, one needs to be careful with SPM of the laser pulses that could potentially shift the damage along the fiber. We observed a slight narrowing of the pulse widths due to SPM in our experiments. However, the pointing beam instability and misalignment effects were more prominent than SPM and we observed damage at the input facet of our fiber.
Alignment of the laser in a clinical setting could be handled by a close-loop autoalignment system. These systems are ideal for optimizing and maintaining free space coupling of a laser into a single mode fiber. Though such systems cannot compensate for rapid changes in pointing vector, it can overcome laser drift on the fiber due to other factors such as environmentally induced vibrations and temperature fluctuations. Additionally, misalignment in fiber coupling will be significantly mitigated, owing to the very fine adjustment sensitivity of the auto-alignment system in 3D.
The current device was designed as a surgery tool only, to remove tissues that can be located with visual inspection. Nevertheless, the device will eventually adopt various linear and nonlinear imaging modalities. With imaging capability, the device will be able to image in real-time, likewise our previous endoscope using a computer controlled data acquisition routine. The imaging capability will enable the clinician to rapidly locate the surface, epithelial, and sub-epithelial tissue layers via a manipulator on which the device is attached. Such a manipulator could either be controlled by the clinician or interfaced with haptic technology that converts the motion of the clinicians hand into micrometric movements of the device.
Conclusions
In this study, we developed a piezo-scanned fiber device for high speed ultrafast laser microsurgery, with an overall diameter of 5 mm. While the diameter of the scalpel is now half of our latest probe, its resolution has been also improved by 10% in both lateral and axial directions. The use of a high repetition rate fiber laser, delivering 300,000 pulses per second, and utilizing a sub-frame rate Lissajous scanning approach provided high ablation speeds suitable for clinical use. As shown by the uniform ablation of gold samples, an ablation FOV of 150 μm x 150 μm could be achieved within only 50 ms. With such ablation speeds, drilling into a cheek pouch tissue was possible using pulse energies of 200 nJ (3.2 J/cm 2 ). With these speeds the surgeon could potentially move the surgery probe at speeds near 4 mm/s laterally in one direction while continuously removing a 150 μm wide tissue layer.
With its improved resolution, smaller size, and surgical speed, our scalpel can be particularly useful for scarred vocal fold treatment, where we aim to create ablation voids to improve localization of injected biomaterials to restore vocal fold viscoelastisicity [11, 12] . Our laser scalpel can provide up to 450 nJ pulse energy, corresponding to 7.4 J/cm 2 fluence at the tissue. Having around 100 μm epithelial thickness [33] , the complete ablation of subepithelial void in scarred human vocal folds will require fluences of more than 16 J/cm 2 , higher than what this scalpel can deliver [11] . With its current ablative capability, the device would be useful in precisely dissecting around epithelial carcinoma sections. We were able to ablate a 70 μm deep trench, indicating that we could conveniently ablate greater depths by moving the device axially.
The major limitation in delivering higher pulse energies is identified to be the cladding damage at the input facet of the fiber. This limitation can potentially be mitigated by reducing the radial and axial misalignments, laser pointing beam fluctuations, and deviations of our beam profile from an ideal Gaussian beam. With the addition of imaging capability, our device can also serve as a useful tool for image-guided surgery in the oral cavity, larynx, colon, prostate, and open surgical sites.
